Abstract: This paper presents the study of an implantable biomedical device for the localized released of chemotherapeutic drugs and the controlled heating of surrounding tumor tissue to enable cancer treatment via a hyperthermia and chemotherapy combination. The coupling of magnetic induction, heat transfer, and mass diffusion concepts used to model temperature changes and drug release from the biomedical device to a surrounding environment that mimics breast tumor tissue and normal breast tissue. The predictions of temperature change in the residual tumor cells and the normal breast tissue show that when an excitation current of 25 mA supplied to the device generates heat that required to kill the residual cancer cells without damaging the nearby healthy tissue. Also, the predictions of prodigiosin concentration released from the biomedical device into selected depths in the breast phantom model show that the residual tumor has a higher concentration than the healthy tissue. The proposed system proved capable for prolonged drug delivery and temperature rise of tumor to therapeutic values for effective localize cancer treatment. 
PUBLIC INTEREST STATEMENT
Cancerous cell destruction using heat and chemotherapeutic drug delivered by biomedical devices at a target region is receiving attention due to the enhance efficacy and potential for localize treatment. This work presents a computational simulation on a clinical scenario with a device fabricated in our research lab that can eliminate issues such as inadequate drug concentrations reaching the primary tumor site, poor rise in temperature and skin injury and enhance the efficacy of treatment. The device comprises a resistive layer (heater) and a drugloaded thermosensitive poly (N-isopropyl acrylamide) gel, embedded within a fabricated polydimethylsiloxane (PDMS) shell. Hyperthermia condition in the implant is through inductive heating. Our predictions show that the diffused drug concentrations and the temperature changes are high enough to achieve cell death in residual tumor cells and a minimal effect on normal breast tissue. Our proposed device offers the possibility of results translate into an effective therapeutic strategy for breast cancer.
Introduction
Cancer is a generic term for a large group of diseases that can affect any part within or on the body. Current scientific evidence suggests that cancer can be triggered by environmental and genetic factors (Alberts et al., 2008) . Cancer is also the second-leading cause of morbidity and mortality throughout the world (Bray, Jemal, Grey, Ferlay, & Forman, 2012; Ma & Yu, 2006; Vyas et al., 2012) . Furthermore, the incidence of cancer is expected to continue the increase in the next few decades (van Vlerken, Vyas, & Amiji, 2007) . According to the World Health Organization's (WHO) International Agency for Cancer Research (IARC), the incidence of cancer worldwide is predicted to increase to 75% by the year 2030. Hence, the exact survival rate of cancer patients is heavily dependent on early diagnosis and treatment (Kumar, Mazinder Boruah, & Liang, 2011) . The standard treatment methods, such as bulk systematic chemotherapy (Hildebrandt & Wust, 2007; Oni, Theriault, Hoek, & Soboyejo, 2011; Perry, 2011) surgery (Kubota, 2011; Schwartz et al., 2009; Simmonds et al., 2006) and radiotherapy, has exhibited severe side effects (Zhou, 2014) . There is, therefore, a need for new cancer treatment methods that can mitigate these side effects. Within this context, a novel drug delivery system can enable more specific and effective targeting of cancer cells/tissue, while reducing or avoiding the potential effects of cancer treatment on normal cells. It could also increase the patient quality of life while motivating a multidisciplinary challenge that calls for collaboration between clinicians, biologists, materials scientists, biomedical engineers, and physicists (Kavitha & Bhalamurugan, 2013; Saini, Chouhan, Bagri, & Bajpai, 2012) .
A few research groups have explored hyperthermia as a treatment modality (Marchosky et al., 1990; Zhao et al., 2013) due to its minimal side effects, and its potential to enhance the therapeutic efficacy of, conventional cancer treatments (Habash, Bansal, Krewski, & Alhafid, 2006; Kan-Dapaah, Rahbar, & Soboyejo, 2014; Moroz, Jones, & Gray, 2002) . Within the last decade, researchers have developed multiple delivery modalities for hyperthermia in both in vitro and in vivo conditions (Heine, Sverak, Kondratick, & Bonar, 1971; Kase & Hahn, 1975; Love, Soriano, & Walsh, 1970) . Furthermore, the use of metallic nanoparticle-based hyperthermia has been shown to have the potential for future strategies (Choi & Wang, 2011) . These include gold nanoparticles that can be delivered and embedded into the tumor tissue region where they can be used to induce local heating when exposed to Near Infrared (NIR) laser beams. Such heating, which is associated with Plasma resonance effects, can be used to raise the temperature of tumor tissue to levels that can kill cancer cells without destroying surrounding healthy tissue (Day, Morton, & West, 2009; Lee, Chatterjee, Lee, & Krishnan, 2014) . Hirsch et al. (2003) carried out in vitro studies on SK-BR-3 human breast carcinoma cells incubated with the gold nanoshells/polyethylene glycol (PEG) for 1 h, and then exposed to NIR laser beams. They observed lost cell membrane integrity and cell death from the fluorescence images of treated cells. O'Neal, Hirsch, Halas, Payne, and West (2004) reported impressive results in in vivo study that showed selective photothermal ablation of tumors embedded with near infraredabsorbing gold nanoshells in mice. Magnetic rods or needles have also been explored as excitable sources of heat, (Shinohara, 2004; Yukumi et al., 2008) while other radio-frequency delivery modalities have been developed (Koreckij et al., 2010; Raoof & Curley, 2011; Zhou, 2013) . These include; high intensity focused ultrasound techniques (Orsi, Arnone, Chen, & Zhang, 2010; Zavaglia, Mancuso, Foschi, & Rampoldi, 2013) and high-frequency eddy currents (Gaitas & Kim, 2015; Yukumi et al., 2008) .
Similar to other treatment modalities, the clinical objective of hyperthermia is to induce cell death of tumor-bearing tissue. Thus, localized hyperthermia can play an important role in enhancing the efficacy of anticancer drugs at the specific site of a tumor. For example, Rodriguez-Luccioni et al. (2011) applied an alternating magnetic fields (AMFs) to magnetite nanoparticles in MCF-7 breast cancer cell tissue. Their work showed that magnetic hyperthermia was more effective at reducing cancer cell viability compared to hot water-induced hyperthermia. Hilger et al. (2002) have also studied an immunodeficient SCID mouse model with intra-tumoral injections of iron oxide particles that were subjected to applications of AMFs. Histological examination of the mice revealed clear evidence of the early stages of coagulation necrosis in the treated tumor cells. Combinations of localized chemotherapy and hyperthermia have also been studied by a number of investigators (Berjano, 2006; Gasselhuber et al., 2010; Hayashi et al., 2010; Huang & Liauh, 2011; Landon, Park, Needham, & Dewhirst, 2011) . These include in vitro and in vivo studies by several researchers (Landon et al., 2011; Mura, Nicolas, & Couvreur, 2013; Owusu, Abern, & Inman, 2013) . Gautier et al. (2012) formulated a poly-ethylenes-glycol-conjugated superparamagnetic iron oxide (PEG-SPIO) loaded with doxorubicin (DOX). These were heated by the application of alternating magnetic fields under in vitro conditions. Shah, Majeed, Shafique, Rashid, and Awan (2013) also formulated doxorubicin-loaded thermo-responsive P(NIPA-co-Am) coated MnFe 2 O 4 nanoparticles. These were used to study cell viability of HeLa carcinoma cells exposed to alternating magnetic fields. They discovered that at 45°C, the magnetic hyperthermia and drug delivery reduced the cell viability to 16% in 6 h. Morita, Zywietz, Kakinuma, Tanaka, and Katoh (2008) have also investigated the efficacy of the drug-loaded thermo-sensitive liposomes combined with localized hyperthermia, on rat tumor models. Hayashi et al. (2010) synthesized smart nanoparticles of a clustered Fe 3 O 4 /polymer that was loaded with doxorubicin. These were heated with alternating magnetic fields that resulted in improved studied therapeutic efficacy due to the combined effects of hyperthermia and chemotherapy on myeloma tumor. Hayashi et al. (2010) showed that the cancer cells in the entire tumor were destroyed. They were also to achieve a complete "cure" in one treatment, without the recurrence of malignancy.
Several mathematical and computational models have been developed for the tumor prediction of heating and controlled drug delivery from biomedical devices (Huang & Liauh, 2011; Timko et al., 2014; Weinberg, Patel, Exner, Saidel, & Gao, 2008) . These have been used to model the thermal doses (Berjano, 2006) , temperature distributions (Huang & Liauh, 2011) , and the concentration of drugs released to the tumors or residual tumor cells/tissue (Qian, Stowe, Liu, Saidel, & Gao, 2003) . Qian et al. (2003) have developed a mathematical model in the prediction of doxorubicin transport from polymer Milli-rods subjected to radiofrequency-induced thermo-ablation. Their results showed the influence of tissue ablation and devascularization on the transport of doxorubicin. Gasselhuber et al. (2010) used a paired heat transfer and pharmaco-kinetic mathematical model to study drug delivery in a multi-compartment model consisting of low-temperature sensitive liposomes/tumor plasma. They also studied drug delivery in systemic plasma/tissue models. Their simulations showed that the thermal ablation of doxorubicin-loaded liposomes enhanced localized drug delivery into tumor tissue, compared to drug delivery via conventional chemotherapy. Prior work in our research group (Danyuo et al., 2014; Oni et al., 2011) has explored the development of an implantable anticancer treatment device that can deliver anticancer drugs locally while heating tumor cells/tissue. Such a device can be used, following surgery, to kill cancer/tumor tissue by localized chemotherapy and hyperthermia. This paper presents the results of a computational study of controlled drug diffusion and hyperthermia from a novel implantable biomedical device for localized cancer therapy (Danyuo et al., 2014; Oni et al., 2011) . Finite element model (of the device and surrounding tissue) is developed and used to validate our prior in vitro experimental results (Danyuo et al., 2014) . The model is also used to estimate the concentrations of prodigiosin drug released from the smart thermo-sensitive hydrogels via micro-channels to be transported to surrounding cancer cells/tissue. The implications of the results are then discussed in the development of future devices for the localized treatment of cancer/tumor tissue.
Methods

Device fabrication
The gels were prepared by free radical polymerization, as described in Danyuo et al. (2014) . Briefly, molds for the processing of PDMS packages were fabricated from aluminum and bronze metal slabs that were fabricated at Princeton University (Figure 1 (a)-(c)). The outer section was fabricated from aluminum (dimensions between 10.12 and 15.89 mm), while the internal dimensions varied between 9.66 and 13.00 mm. Bronze was machined into cylindrical rods at the middle section that contained the reservoir for the drug carrier polymer, P (NIPA). The cylindrical rods had diameters of 4.00-7. 06 mm, and heights of about 5. 24-11.20 mm. Holes with a diameter of 1.12 mm were drilled into four locations in the aluminum mold, while similar holes were drilled into the bronze cylindrical rod (Figure 1 (a)-(b)). These were introduced to enable the molding of microchannels (obtained after the molding process) to provide a path for drug diffusion from the encapsulated hydrogel. These paths enabled drugs (from the loaded gels) to be delivered to the surrounding tissue in a controlled manner.
PDMS packages with different channel lengths and reservoirs were fabricated by mixing Sylgard 184 kit, silicone elastomer with a silicone elastomer curing agent (a crosslinker) (Sylgard Dow Corning, Krayden Inc., Midland, Michigan, USA). These were mixed in a ratio of 10:1 (%v/v). The mixture was stirred vigorously, de-gassed with a GALVAC vacuum oven (LTE Scientific Ltd., Greenfield State) set at -24 mm Hg equivalent, with no heat, for an hour.
A complete mold was fixed by the aid of nuts and bolts, while 1.12 mm diameter thick surgical needles were passed through the four faces to produce the microchannels. In order to induce temperature responsiveness in the gels, 5-10 turns of thin copper wire (0.1 mm diameter) were incorporated into some devices to induce Joule heating degassed PDMS was poured gently into the fabricated molds. The samples were then cured at 60°C for 3 h before exposing them to room-temperature (28°C) for 12 to 24 h.
Encapsulation of P (NIPA) into PDMS capsules
Although P(NIPA) -based hydrogels have been shown to have improved biocompatibility, compared to P(NIPA) solids, (Vihola, Laukkanen, Valtola, Tenhu, & Hirvonen, 2005) a special effort was made to encapsulate the non-biodegradable P(NIPA) -based hydrogels into PDMS packages with reservoirs. The PDMS capsules consisted of Sylgard 184 kit, silicone elastomer and a silicone elastomer curing agent of 10:1 (%v/v) (Sylgard Dow Corning, Krayden Inc., Midland, Michigan, USA). Drug-loaded P(NIPA)-based hydrogels were then inserted into the reservoir of the PDMS capsules. These were then, sealed using a clamping device that was used to apply a slight pressure to the axes that were perpendicular to the edges. Sealed packages were then incubated at 40°C for 24 h, to ensure that the two layers were well bonded to each other.
Description of the proposed device
The implantable device was fabricated from a poly (dimethylsiloxane) (PDMS) -based elastomer that was used to encapsulate the drug-loaded P(NIPA) gels. The PDMS capsule had a 1 mm channel diameter, 1.5 mm channel lengths and a cylindrical reservoir volume of 11.8 μm 3 containing a drug loaded hydrogel (Figure 1(a)-(c) ). The polymerized P(NIPA) hydrogels were soaked with cancer drugs (prodigiosin (PG) before inserting them into the PDMS capsules (Figure 1(d) ).
Principle of operation
The microchannels, fabricated within the device (Figure 1(e) ) enabled the P(NIPA) gels to load cancer drugs in solution at room temperature (28°C). The device was subjected to Joule heating at (37, 41, 43, and 45°C). The heating was controlled using a Proportional Integrated Differential (PID) controller that was used to simulate potential exposures to normal body temperature (37°C) and hyperthermia temperature ranges (41-45°C). The dissolved cancer drugs were eluted from the P(NIPA) gels were then delivered through the microchannels into the surrounding regions/tissue at physiological temperature (37°C), or hyperthermia temperatures in 41, 43, and 45°C.
The release mechanism of drugs involved the diffusion of drug molecules from the temperature sensitive hydrogels through the microchannels. A typical P(NIPA) -based homopolymer experiences a volume change during phase transition at the lower critical solution temperature (LCST) (Figure 2 ) which depends on the amount of acrylamide (AM) (a hydrophilic co-monomer) in the P(NIPA) -based gels (Danyuo et al., 2014) . This leads to the LCST of the hydrophilic copolymer increasing from 36.3°C at 5 mol % of AM to 41.7°C at 15 mol % of AM, which the pure P(NIPA) has an LCST of 33°C. In principle, when the temperature, T, in the device is less than the LCST, T c (as shown in Figure 3(a) ), less pressure would be induced in the gel, which leads to a little/no drug release. However, when the gel temperature is greater than the LCST, the encapsulated gel shrinks (Figure 3(b) ), which causes ~90% of the encapsulated drug to be released in a controlled manner through the microchannels (Danyuo et al., 2014) . Hence, drug molecules are released from the device when T ≥ LCST, T c . Hence, controlling the LCST using the control of the LCST via copolymerization with AM, as presented in recent work by Danyuo et al. (2014 Danyuo et al. ( , 2016 guides the choice of gel before encapsulation.
The drug kinetic studies by Danyuo (2015) shows that the porous structures of the PNIPA gels (with a mesh size of about 0.5-70 μm) allows prodigiosin drug diffusion (Figure 4 ). The PNIPA microstructure does not hinder the flow of prodigiosin molecules because of their small hydrodynamic radii, as compared to the polymer mesh size r mesh ∕r drug > 1 , thus, the drug release process is dominated by diffusion. The effective diffusion coefficients of drug released from the device were determined experimentally, based on the times required for the fluid to flow to occur across devices with different channel lengths (Danyuo et al., 2014) . For such diffusion-controlled flow, a plot of L 2 vs. t gives a straight line with a gradient that is equal to the effective diffusion coefficient, has been reported by Danyuo et al. (2014) . This gives:
where L is the channel length, D is the effective coefficient of diffusion and t is the time taken for the fluid to flow across the channel length. In recent work of our group (Danyuo et al., 2014) , the linear dependence (r 2 = 0.97) of L 2 on t, yielded a slope corresponding to an effective diffusivity of 2.0 × 10 −8 m 2 /s. It was noticed that devices with shorter channel lengths could facilitate the release of drug molecules from the device into the treatment area. Moreover, the shorter channel lengths also require less pressure to pump drugs from the device into the tumor tissue, when compared to devices with longer channels.
In conclusion, drug delivery through the channels can best be described by a diffusion process. It is also clear from the current study that the final release rate of drugs into the tumor tissue could be managed by the diffusion across the channels. Controlling the channel dimensions is particularly important for the control of initial burst effects during the early stages of drug release from the P(NIPA) -based gels. This also helps to, enable extended drug delivery, instead of the direct delivery of drugs from the gel matrix to surrounding tissue.
How the device may be used in a clinical scenario
Hence, this study suggests that temperature-responsive P(NIPA) -based hydrogels, encapsulated within PDMS-capsules, can enhance the controlled and extended delivery of cancer drugs to targeted tumors or cancer cells. The encapsulated can be inserted via surgery prior to the localized delivery of cancer drugs via diffusion through the microchannels. Furthermore, the diffusion time can be controlled by varying the channel length. In this way, the time period and the rate of diffusion (of the proposed device) can be tuned to be within relevant ranges required for cancer treatment. A schematic of how the device could be used is presented in Figure 5 . Following the removal of a solid tumor, the device could be implanted directly in the resected region to enhance the killing of residual cells, since there is no guarantee that all the cancer cells are removed via surgery. On the other hand, the device could also be implanted at a tumor location to shrink the tumor via the localized release of cancer drugs. Such shrinkage could also be enhanced via Joule heating using the embedded copper wires that can be resistively or inductively heated (Danyuo et al., 2014; Theriault et al., 2012) . The resulting heat enables the hydrogel to collapse at temperatures close to or above its transition temperature. Furthermore, the heat produced could enhance adjuvant effects of cancer treatment.
It is important to note here that the device could be removed after drug delivery and hyperthermia. The device may also be left in the body since PDMS is biocompatible (U. S. FDA approved) and poses no toxicity threat in long-term applications in humans. However, some surface change of the device may be needed to ensure good integration with the surrounding breast tissue.
Modeling
In this study, a computational model of an implantable biomedical device was developed. The model includes drug and thermal diffusion from a recently fabricated device (Danyuo et al., 2014) . The objective of the treatment was to maintain a uniform temperature distribution and therapeutic level of diffused anti-cancer drug in the tumor tissue. To simulate clinical scenarios, we assume that the biomedical device was inserted into a breast tissue phantom, as shown schematically in Figure 6 (a). The breast model is assumed to be hemispherical in shape with short and long axes diameters of 90 and 95 mm. The device was implanted into the breast at a depth of 23.6 mm, with its center on the z-axis (see Figure 6 (a)), after surgical excision of a 1 cm tumor (Stage I). Figure 6 (b) shows how the proposed biomedical device could perform during the hyperthermia process.
However, the main components used in the hyperthermia system are a current controlled generator, and flexible coaxial cables connecting the thin copper coils to the generator (see Figure 6(b) ). As the RF generator reads the specified settings of the controller, an electrical excitation flows into the coils of the device via the connecting cable from the generator. This then produces heat via inductive heating, which is transferred to nearby tumor tissue to achieve hyperthermia. A thermocouple/fiber optic thermometer (in the system) is used to monitor the tissue temperature.
Hyperthermia modeling
Induction heating was accomplished using thin copper wires that were embedded initially in the PDMS package, as shown in Section 2.1. Five turns of thin copper wires (0.1 mm diameter) then used to generate alternating magnetic fields via exciting currents (Figure 1(e) ). The change in magnetic flux produced eddy currents, which are induced in the cylindrical metallic conductor. The induced eddy currents interact with the resistance of the conductor through Joule's law, causing Joule heating. In this model, the net effect of the induction heating equations is given by Dedulle (2006) , Toi and Takagaki (2008) where A φ Is the magnetic vector potential, is the angular frequency of oscillating magnetic flux, ɛ is permittivity, is permeability, and is the electrical conductivity. The function (T) for copper is given by where ref is the resistivity at the reference temperature, α is the thermal coefficient of the resistivity and T ref is the reference temperature.
The boundary conditions for Equation (2) are: axial symmetry, r = 0; outer edges of the PDMS under magnetic insulation, A φ = 0; induction coils and the conductive plate are under the continuity condi-
The temperature distribution in solids, due to an external heat source, can be determined by Fourier heat conduction equation. This is given by Welty, Charles, Wilson, and Rorrer (2000) where is density, C p is the specific heat capacity, k is the thermal conductivity, and Q(W∕m 3 )is the heat generation term, per period of a sinusoidal function, which is responsible for the change in the temperature inside the biomedical device. Q(T) is given by Rossmanna and Haemmerich (2014) :
where E p is the peak. value of electric field and is the electrical conductivity. , T ext = 20°C; and continuity condition, n ⋅ (k 2 ∇T 2 − k 1 ∇T 1 ) on the internal boundaries. The initial temperature in all the domains of the model was set to the normal body temperature of 37°C.
In addition, four different exciting currents, with an interval of 5 mA, were considered to flow through the coils of wires in the device. These were used in the numerical simulations to map out the temperature distributions in the models. The electrical currents (at 480 kHz) were set below the 100 mA (at 50 Hz) to avoid conduction that can cause ventricular fibrillation (Ni, Mulier, Miao, Michel, & Marchal, 2005) .
Due to pronounced changes in blood perfusion, the thermal conductivity of living tissues can increase with temperature rise (Rossmanna & Haemmerich, 2014) . The temperature-dependence of blood perfusion for normal tissue and tumor tissue can be expressed as (Drizdal, Togni, Visek, & Vrba, 2010; Lang, Erdmann, & Seebass, 1999; Sawicki & Miaskowski, 2014) :
The temperature-dependent thermal conductivity of biological tissues is modeled as linear functions. They are expressed as (Duck, 1990; Zhu, Shen, Zhang, & Xu, 2013): where k 0 is the thermal conductivity at 293.15 K. The properties of the materials that were used in the simulations were obtained from data reported in the literature (Bezerra et al., 2013; Blanco et al., 2012; Ekstrand et al., 2005; Goodfellow, 1993) and summarized in Table 1 .
Thermal damage
Although it is generally accepted that tissue damage is an outcome of several complex mechanisms, Thermal damage in the tissue model was predicted using the Arrhenius law (Bhowmik, Repaka, Mishra, & Mitra, 2015) . However, the progression of thermal damage can be reasonably approximated by a single process that is described by a first order kinetics-thermal equation. This is given by (Bhowmik et al., 2015) .
where Ω(t), is the degree of biological tissue damage, C (0) is the initial concentration of healthy biological cells, C (t) is the concentration of healthy biological cells remaining after thermal stimulation, R (8. 315 J∕mol
) is the universal gas constant, A is a frequency factor for the kinetic expression (1/s), and ΔE is the activation energy of the thermal damage process J∕mol , and T °C is the instantaneous absolute temperature of the cells during thermal stress, which is a function of time, t (s). The parameters A and ΔE are dependent on the type of tissue and have been characterized for normal breast tissues by Henriques and Moritz (A = 3.1 × 10 98 s −1 and ΔE = 6.28 × 10 8 J∕mol) (Gould, Wang, & Pfefer, 2014; Henriques & Moritz, 1947) and breast tumor tissues (A = 1.8 × 10 51 s −1 and ΔE = 3.27 × 10 5 J∕mol) (Bhowmik et al., 2015) .
The tissue injury integral increase as the time of exposure is increased. The critical value, Ω = 1, indicates that a sufficient irreversible thermal damage has been achieved. This corresponds to a viable cell concentration of 37%, which indicates a 63% cell necrosis volume. In its original formulation, the Arrhenius equation was associated with the percentage of a volume of cells surviving a uniform exposure to temperature for a length of time. However, when the volume constitutes a single cell, the Arrhenius equation reflects the percent probability of cell survivability (Garcia, (7a) 
RT(t) dt
Davalos, & Miklavcic, 2014). The probability of tissue cell death, P (%), is then expressed as (Garcia et al., 2014) :
Modeling of drug release
The governing equation for drug release in the implantable biomedical device is given by (Kothandaraman, 2006; Mikhailov & Ozisik, 1984) where C is the concentration of prodigiosin, D (m 2 /s) is the diffusion coefficient of prodigiosin released. The diffusion coefficient of the prodigiosin drug in temperature sensitive PNIPA is given by:
where D o is the diffusion constant, R is the universal gas constant, T is temperature, and E a is the activation energy of the hydrogel (Danyuo et al., 2014) .
At the initial time t = 0 , the three (PNIPA) -base hydrogels were assigned the following prodigiosin concentration (C O ): 462 × 10 −9
, 231 × 10 −9 and 77 × 10 −9 mol/m 3 , respectively. These were used for the simulations. The boundary conditions during the diffusion process in the device are: axial symmetry condition along the rotational axis (r = 0), C n = 0; no mass loss or diffusion of drug into the PDMS domain, assumed an insulation (impermeable) condition, n ⋅ N = 0, and continuity (n ⋅ N 1 − N 2 = 0. There were enforced on all of the interior boundaries. The diffusion coefficients of P(NIPA) (100 mol %) at 37, 43 and 45°C were obtained from our prior experimental work (Danyuo et al., 2014) (Table 2 ).
Numerical model implementation
The numerical model was implemented using the COMSOL Multiphysics (R) software package (version 4.3a, Burlington, Massachusetts, USA). In order to save computer resources, two-dimensional axisymmetric finite element (FE) model of the device/tissue structures with cylindrical coordinates were developed. Coupled Multiphysics of "induction heating" and Transport of diluted species' physics models were used to solve Equations (2)- (4) and (11) with the given initial and boundary conditions (see Sections 2.1 and 2.2)). This was done over a computational period of 30 min. A frequency-transient scheme was used to solve the equations. The frequency and time steps used in the simulation processes are 480 kHz and 60 s, respectively. Unstructured triangular elements were used to discretize the axisymmetric finite element models. The mesh size for all calculations was defined as a physics-controlled mesh, with the element size as "finer".
However, with the effort to determine the drug delivery and the heating capability of the biomedical under potential for clinical scenarios, a few points in the residual tumor cell domain and the normal breast tissue domain were selected to extract information on temperature, thermal damage, and concentration of prodigiosin released. The numerical solutions were obtained using the direct solver method, PARDISO of COMSOL based on LU decomposition (COMSOL, Inc, 2007) . The simulations were performed on a computer with a 2.50 GHz Intel (R) Core (TM) i5-2450 CPU and 6 GB of RAM (HP Pavilion dm4 Notebook PC, Hewlett Packard, Princeton, New Jersey, USA).
(10)
Results and discussion
Predictions of heat diffusion in tissues
The predicting temperatures in the breast tumor tissue and healthy breast tissue (due to induction heating of the composite polymer implant) are presented in Figure 7 Closer to the device, the temperature of the tumor cells and normal breast tissue cells are increased when higher excitation currents of 20 to 30 mA are supplied to the device. When 20 mA is supplied to the device, the heat generated spread through the conduction process increased the temperature of the residual tumor cells to ~ 41.5°C, while the temperature at the selected point (0.5, 3.2 mm) in the normal breast tissue increased to ∼39.1°C after computation duration of 1,800 s as shown in Figure 7 (c). The peak temperature changes at the selected point (0.5, 3.2 mm) on the normal breast tissue are 39.1°C compared 41.5°C in tumor tissue. Hence, the temperature of the normal tissue is not sufficient to cause tissue damage, while that of the tumor cells/tissue is sufficient to activate cell death pathways (Khan & Brown, 2002) . 7(d) shows that an excitation current of 25 mA leads to the destruction of tumor cells surrounding the heated device, normal tissue cells at axial and radial distances of 3.6 mm from the heat source (device). This shows that a current of 25 mA is needed to generate heat that is needed to kill the residual tumor cells (surrounding tumor regions) without "damaging" the nearby normal breast tissue. When a 30 mA flows through the device, the temperature of a peripheral safety margin (PSM) about 0.5 mm thickness around normal breast tissue is raised to 45°C to kill any genetic mutant normal breast cells evolving to be cancerous to avoid local recurrence (Figure 7(d) ). The use of temperature sensitivity MRI/thermal probe(s) techniques are valuable in monitoring hyperthermia temperatures (42-45°C) and thermal damage on tumor and normal breast tissues around the implanted biomedical device for safety of normal breast tissue during clinical scenario (Figure 6(b) ). Lately, temperature-sensitive MR imaging sequences have been developed that acquire images on time scales appropriate for the real-time volumetric monitoring, documenting thermal changes in vitro, in animals or in humans (Hushek, Morrison, Kernahan, Fried, & Jolesz, 1994; Kettenbach et al., 1998) Furthermore, Figure 7(d) shows that the temperature changes in the tumor tissue are in agreement with those reported in the literature for programmed tumor cell death thermal during therapy (Bettaieb, Wrzal, & Averill-bates, 2013; Guan & Xu, 2016; Keisari, 2012; Theriault et al., 2012) .
Predictions of tissue damage coverage
The thermal damages are presented in Figure 8 . The predictions show that the percentage of tissue damage in the residual tumor increases with increasing the electrical current (Figure 8 
Predictions of drug release profile of implantable biomedical device
The simulations of prodigiosin release profiles (at 37, 43, and 45°C) from encapsulated P(NIPA) -based hydrogels in the biomedical devices are presented in Figure 9 . Figure 9 (a) and (b) show the released prodigiosin concentration as a function of time. These are presented for the inlet and the channel outlet of the device containing the P(NIPA) homo polymer (100 mol %). Figure 9(a) shows the release profiles of prodigiosin into the micro channel inlets of three implanted biomedical devices loaded with different drug concentration. For the first 360 s of the computation period, the concentrations of prodigiosin released into the channel inlets from the three encapsulated P (NIIPA) -based hydrogels in the devices are shown in Figure 9 (a).
The drug concentrations that are released from the micro-channels of the three devices are presented in Figure 9 (b). The release profile of II (PNIPA/C t 0 = 231 × 10 −9 mol/m 3 ) in Figure 9 (b) is in the range of clinically relevant concentrations (Zasadil et al., 2014) . The prodigiosin concentration released into a tumor domain from PNIPA/C t 0 = 231 × 10 −9 mol/m 3 (with the diffusion constant at 37, 43 and 45°C), falls into the dosage range (Zasadil et al., 2014) . Figure 9 (c) and (d) also predict the concentrations of prodigiosin that diffused into selected points within the tumor region and normal tissue domain. The results show that the tumor tissue had higher concentrations of prodigiosin than the normal breast tissue. The concentration of prodigiosin released into the tumor also increases as the diffusivity coefficient of PNIPA (100 mol %) increases due to temperature rise.
Implications
The implications of the current work are very significant. The predictions of tissue thermal damage obtained suggest that excitation currents of ~ 25-30 mA will destroy 99.9% of the residual tumor cells (Figure 9 (c) and (d)). Furthermore, the concentration of the prodigiosin (anti-cancer drug) in the tumor tissue is about four times that in the normal breast tissue. Hence, the controlled delivery of the cancer drug is likely to enhance the local availability of cancer drug in the cancer cells/tumor tissue. Finally, the combined effects of the increased concentration of the cancer drugs (in the 
Conclusion
The paper presents the results of a computational study of temperature distributions and the cancer drug (prodigiosin) release profiles because of applied alternative magnetic fields through a multimodal biomedical implant for breast cancer therapy. The simulations reveal that tumor tissues have a higher concentration of diffused prodigiosin than normal breast tissue. Also, the temperature changes in the tumor tissue are greater than those in neighboring healthy tissue. The predictions of drug concentrations and temperature 41-43°C suggest the implant idea is more likely to induce cell death in the surrounding cancer cells/tissue than in normal cells/tissues.
Potential future direction
However, our future studies will aim to check the efficacy of the proposed devise in animals. These preclinical safety and efficacy data are needed for submission to drug regulatory authorities before the permission for further studies in humans are granted.
